Abstract. For more than two decades, Raman spectroscopy has found widespread use in biological and medical applications. The instrumentation and the statistical evaluation procedures have matured, enabling the lengthy transition from ex-vivo demonstration to in-vivo examinations. This transition goes hand-in-hand with many technological developments and tightly bound requirements for a successful implementation in a clinical environment, which are often difficult to assess for novice scientists in the field. This review outlines the required instrumentation and instrumentation parameters, designs, and developments of fiber optic probes for the in-vivo applications in a clinical setting. It aims at providing an overview of contemporary technology and clinical trials and attempts to identify future developments necessary to bring the emerging technology to the clinical end users. A comprehensive overview of in-vivo applications of fiber optic Raman probes to characterize different tissue and disease types is also given.
Introduction
Raman spectroscopy is a label-free, nondestructive, and noninvasive method that provides information about the molecular composition and structure of a sample. It has found widespread use in the fields of material sciences, pharmaceutical analysis, inline and offline process controlling, airport security, and many others. In the last few decades, Raman spectroscopy has also begun to emerge as a promising tool for biomedical analytics and clinical diagnostics, such as the detection and staging of cancer, and has been validated in countless ex-vivo studies. [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] Due to the highly promising results, there has been an incredible effort to move Raman spectroscopy to clinical in-vivo applications, where the method can unfold its full diagnostic potential. Although these in-vivo studies demonstrate a superb diagnostic potential of Raman spectroscopy in clinical surroundings, they also reveal technological challenges and shortcomings of the method. Due to the highly complex implementation of the technique for in-vivo applications it is often difficult, especially for novice scientists in the field of in-vivo Raman spectroscopy, to assess the relevant instrumentational design parameters and their influence on the detected signal, the different available fiber optical Raman probe designs, and the readily evaluated in-vivo applications.
The implementation of Raman spectroscopy for clinical applications significantly differs from Raman-based analysis of prokaryotic and eukaryotic cells. For example, to provide easy access to most anatomical locations in-vivo, fiber optic Raman probes, which are designed for specific applications and are available in a large number of configurations, are required. Due to the generation of a strong Raman background in the fiber, the development of those probes is highly complex and complicates the development of single-use probes. Moreover, probes have to be designed in a way that allows sustainable sterilization procedures to be routinely used in a medical environment. Because fiber optic Raman probes are usually single-point sensors, efforts have to be made to register the measurement spot at the body site to determine the precise location of the optical biopsy. This is often achieved through image guidance, and the combination with other modalities, such as white-light or fluorescence imaging, optical coherence tomography (OCT), optoacoustic or magnetic resonance (MR) tomography, and many others. The additional imaging modalities can also deliver complementary information of the target region and can significantly boost sensitivity and specificity. It is wellknown that in biomedical applications intrinsic autofluorescence can easily obscure the weak Raman signal. 12 This can, for the most part, be circumvented using 785 or 830 nm as the excitation wavelength and often in combination with other software 13 or hardware-based methods, 14 such as time gating, 15 frequency modulation, 16 and shifted excitation. 17, 18 In addition to the Raman probes, the entire Raman system, including the narrowband laser source, the optical and electronic components, the software for the device controlling, and data processing are underlying stringent requirements to achieve desirable results. Moreover, the Raman device has to be developed in agreement with local and global medical regulatory standards for the application in clinical studies. This includes risk analysis, which has to prove that the benefits provided by the method outweigh possible risks. An ongoing problem in the field is also the frequently observed inconsistencies of spectral biomarkers for the same diseases. When proper spectral disease markers are available, real-time analysis of the measured Raman spectra is a key requirement for clinical applications. This normally requires a sophisticated statistical analysis, [19] [20] [21] relying on pre-established databases with a multitude of stored sample data.
This review aims to provide an overview of the different aspects and challenges for moving Raman spectroscopy from research laboratories to clinics to novice scientists in the field of in-vivo Raman spectroscopy. The overview starts with the basic requirements for the instrumentation and outlines the relevant instrumentational parameters, which are needed to reliably detect the weak Raman signal, following an outline of common fiber optic Raman probe developments and common geometries for in-vivo applications. Finally, the review provides a comprehensive summary focusing specifically on in-vivo applications, using Raman spectroscopy of different disease types and different organs.
Raman Instrumentation
The successful implementation of any application using Raman spectroscopy is tightly bound by the instrumentational parameters, which have to be chosen very carefully to measure the weak Raman signals often in the presence of a high background. As such, this section outlines the most important factors for the required components, such as excitation sources, detectors, and spectrometers, and relates the information to the relevant parameters, such as linewidth, noise sources, and resolution. A comprehensive overview of all discussed parameters is summarized in Table 1 .
In comparison with most eukaryotic and prokaryotic cells, the Raman signals of histopathological tissue biopsies and in-vivo measurements are highly prone to exhibit a strong autofluorescence. While other methods such as fluorescence lifetime microscopy (FLIM) rely on the presence of tissue autofluorescence, in Raman spectroscopy the presence of fluorescence creates significant complications. To overcome these drawbacks, near-infrared lasers, most commonly 785 and 830 nm, are used for the excitation of a Raman signal from tissue samples. Due to the narrow spectral width of vibrational bands, which are on the order of a few cm −1 , the linewidth for the excitation lasers is constrained, which means that the excitation linewidth should be <0.1 nm to achieve high-resolution spectra. Most of the excitation sources used for biomedical Raman spectroscopy exhibit linewidths of a few picometers with a high excitation power, resulting in higher cost. For low-cost implementations it is, therefore, worthwhile to consider the appropriate laser parameters.
For imaging applications on ex-vivo biopsies, the sample is usually placed on an x − y translational stage with submicrometer step-size resolution and illuminated using an objective lens with a high numerical aperture (NA), typically >NA 0.5 and most commonly close to NA 1.0. This is further combined with appropriate illumination and collection optics, which ensure a signal generation and collection from a diffraction-limited spot. When the proper aperture is added in the conjugate focal plane, the Raman acquisition can be operated confocally and enables a three-dimensional (3-D) sectioning of the biopsy sample. Using a confocal Raman implementation, a biopsy probe can be easily mapped, and the biochemical information can be directly correlated to the histopathological hematoxylin and eosin (H&E) staining. A typical Raman imaging setup is shown in Fig. 1 (a) and two exemplary Raman spectra of lipid-rich and protein-rich tissue are shown in Fig. 1 
(b).
A comprehensive overview of different Raman-instrumentation schemes, which can be combined with the various probe designs, is given in Refs. 2 and 22. Due to long acquisition times, typically on the order of seconds for a single spectrum, Raman imaging is usually not an option for in-vivo applications. In-vivo measurements are, therefore, most commonly performed by acquiring single-point Raman spectra using fiber optic probes. The design of such Raman probes will be discussed in detail in Sec. 3 of this review.
The key component of a Raman system is the detector, which in most cases is a charged coupled device (CCD). Several important factors have to be considered when choosing the appropriate CCD array for any Raman spectroscopy application. Specifically, the noise level and the quantum efficiency are of great importance. Because of the very low intensity of a Raman signal, typically on the order of 10 4 to 10 5 collected photons for an entire Raman spectrum from a protein-rich tissue sample, using a 785-nm excitation with an excitation of about 50-mW power in the sample plane, a collection NA of 0.35, and 100-μm spot size, it is crucial that the quantum efficiency is high. Keeping in mind that while 10 5 photons are quite a large number in comparison with many other applications, the total number of photons is typically distributed over 600 CCDpixels, which results on average in <170 photons per pixel. For high-performance scientific CCD cameras that are currently commercially available, the QE is above 90% for the low-wavenumber region, which is between 800 and 910 nm, corresponding to 238 and 1750 cm −1 , respectively, for a 785-nm excitation laser. This allows the photons generated in the low-wavenumber region to be efficiently detected. For the high-wavenumber region, which is located between 1006 and 1030 nm for a 785-nm excitation laser, corresponding to 2800 and 3000 cm −1 , respectively, the QE is significantly reduced due to the band gap of silica. The OH stretching region of water, which extends all the way to 3800 cm −1 , corresponding to 1120 nm, exhibits an even lower QE, i.e., <10%. Generally, photons are not detectible above 1100 nm using silicon-based CCD detectors. This is of interest because it has been previously demonstrated that the water region can provide valuable information in differentiating tumor from nontumor tissue. 23 There are several different architecture-types of CCDs available, e.g., front-illuminated (FI), back-illuminated (BI), and back-illuminated deep-depletion (BI-DD) cameras. FI cameras have QEs well below 50% for the wavelength regions mentioned above and are only suitable for applications where this lack of QE can be compensated for by the excitation power or acquisition time. However, FI cameras are also available at a lower price, compared with the two other designs, and have nearly no dark current. The BI-CCD cameras have significantly higher QE than FI-CCD cameras but can suffer from etaloning, which is specifically disruptive when dealing with high fluorescence backgrounds. Etaloning is created by NIR photons that were not absorbed in the photosensitive region but reflected at the detector interface, creating a ringing pattern on the spectrum and significantly altering the Raman spectrum. BI-DD-CCD cameras have a thicker photosensitive region, which helps to reduce the etaloning effect and provides the highest QE in the NIR region, but it also comes at a higher cost.
There have been new developments toward the implementation of InGaAs detectors for the short-wave infrared (SWIR) region. Although some promising first results have been demonstrated by the group around Puppels, 24 one of the main problems is the significantly higher dark noise and read noise, which can be quite challenging for some applications. Moreover, due to the 1∕λ 4 dependency of the Raman intensity on the excitation wavelength λ, the Raman signal generation for a 1064-nm excitation is reduced 3.4-fold in comparison with a 785-nm excitation.
There are two main noise sources for the signal acquisition using CCD cameras: read noise and dark noise. As the name suggests, read noise is generated during the read-out process of the charges from the chip and the preamplification step on the CCD camera. In addition to the device-associated noise sources, for most applications the fundamental limit for the recovery of a Raman signal is the photon shot noise. Read noise depends on the acquisition speed and varies for commonly used scientific CCD detectors between 3 and 20 electrons per pixel for comparable models from different manufacturers. Hence, specifically for low-signal applications, it is important to ensure that the right acquisition speed is chosen to ensure the highest achievable signal-to-noise ratio (SNR). Electron multiplying CCDs (EMCCDs) are frequently mentioned and have readily been used in Raman spectroscopy of biological samples. These, however, only help to circumvent the read noise using electron amplification before the electron-to-voltage conversion in the AD unit. An often-unmentioned fact about EMCCDs is that they have a higher charge transfer noise, which is given by a factor of p 2. This means that only for acquisition at a very low-signal level, i.e., 10 to 20 photons per pixel, does the EMCCD outperform a CCD. However, due to the higher noise factor for longer acquisition times and higher photon levels, which is the most common case for Raman spectroscopy, the noise level of an EMCCD will be higher than for a CCD. Also, the cost for an EMCCD detector is significantly higher than any of the standard CCD detectors. A good comparison for the noise performance of different detectors is given in Ref. 25 . To measure the read noise of a CCD detector, one can simply acquire a dark spectrum at a short acquisition time, e.g., 50 ms, and very small number of vertical pixels, ensuring that the dark current becomes negligible. When no specific imaging information is required, it is possible to perform a vertical hardware binning of the entire CCD-chip or a defined region. This can help to increase the signal and ensures that read noise is only affecting individual pixels. However, for some implementations, such as line-excitation or spatial-offset Raman spectroscopy (SORS), it is important to retain the vertical information on the detector because it is correlated to spatial information in the sample. Here, the SNR level is reduced in comparison with comparable measurements with full vertical binning.
In addition to the read noise, dark noise is an important factor to consider when choosing the right CCD detector for biomedical Raman applications. Dark noise occurs from thermally generated electrons in the silicon structure of the CCD and is highly temperature dependent. Hence, all common detectors in Raman spectroscopy are cooled. Nowadays, thermoelectric cooling is the method of choice, whereas liquid-nitrogen-cooled detectors are found less frequently in laboratories. The large and cumbersome liquid-nitrogen-cooled detectors would also further complicate the transition of Raman devices to clinics, where space in the operating theater is very limited. Typical values for the dark current at −80°C vary between 0.0001 and 0.03 electrons per second per pixel, with significantly lower values for FI-CCDs than for BI-DD-CCDs. The generation of dark noise has also to be considered for any Raman spectroscopy application. For short acquisition times, i.e., <1 s, and a vertical binning of a few dozen of pixels, the dark noise contribution is negligible and way below the read noise level. If, however, the signal acquisition is on the order of a few seconds, or a large number of pixels are vertically binned, which is common when using Raman fiber probes with multiple collection fibers, it can become the limiting factor. Considering typical fiber probes with 10 collection fibers, with a core diameter of 200 μm, an imaging ratio, which is the magnification of the entrance slit into the detection plane, of the spectrometer of one, and a pixel size of 20 μm, a total of 100 pixels will be illuminated. Performing a vertical binning over 100 pixels and an acquisition time of 10 s, the dark current for typical BB-DD CCDs is readily 30 electrons per second per pixel, resulting in a dark noise of 5.4 electrons per pixel, which is higher than the read noise for some available detectors. Nevertheless, for most in-vivo and ex-vivo Raman applications, the main noise factor stems from shot noise of the fluorescence signal, as fluorescence can seldom be completely avoided. Shot noise is the random statistical fluctuation of the arrival time of photons at the detector, and it follows a Poisson distribution. The fluctuation in the number of arrived photons is described by p N, where N is the number of photons. For Raman spectroscopy, this specifically means that if the fluorescence signal is large, the random fluctuation in the photon arrival can be just as high or higher as the measured Raman signal, which places a fundamental limit on the Raman signal detection. For example, when 20 Raman photons arrive on a single detector pixel and the number of fluorescence photons at the same pixel is 400, the SNR just due to shot noise is already 1, in combination with the other noise sources, the SNR will be <1. For any meaningful classification, an SNR > 5 is usually required. The generated Raman signal is dispersed onto the CCD detector through a spectrometer. There are several types of spectrometers that are employed for Raman spectroscopy, such as lens-based and Czerny-Turner arrangements, each having specific advantages and disadvantages. There are a few factors that have to be considered when choosing the right spectrometer, such as spectral resolution, light-collection ability, the diffraction efficiency, imaging artifacts, and scattering suppression. Many of those parameters are closely interconnected. The most obvious parameter for a spectrometer is the achievable spectral resolution. The resolution depends primarily on the focal length, which is the focal length of the mirror or lens, slit-width, groove density of the diffraction grating, and the detector pixel dimension. In most Raman fiber probe schemes, the linearly arranged collection fibers act as the entrance slit and define the aperture size. In general, it is desirable to detect the entire spectral region between ∼300 and 3800 cm −1 at once, which puts a constraint on the usable grating and the achievable spectral resolution, considering a fixed sensor size. There are implementations that allow imaging the low-wavenumber and high-wavenumber regions, vertically offset on the same detector, enabling measurement of the full spectral range at increased resolution. The desired spectral resolution also constrains the focal length and the light-collection ability of a spectrometer, i.e., the higher the resolution, the longer the spectrometer and the lower the light-collection ability. The typical f-numbers (f∕#), which is the system's focal length to the entrance aperture ratio, range between f∕1.8 and f∕6.5 for typical Raman spectrometers, where the lower number means a higher light-collection ability. Please keep in mind that if a fiber is used to couple the light to the spectrometer, the fiber has to match the f∕# to ensure optimal coupling and best imaging performance of the spectrometer. Another factor to consider when using a spectrometer is the imaging performance, which is explicitly important when working with Raman fiber probes with multiple collection fibers that are imaged on the CCD detector. For example, most Czerny-Turner spectrometer designs can exhibit strong astigmatism, which leads to the so-called bowtie effect when using fibers. Here, only the center wavelength is properly imaged onto the detector while wavelengths further away from the central wavelength experience a vertical spreading. This becomes a significant problem when using fibers arranged vertically in a line because the signals from the individual fibers start bleeding into the neighboring ones. Lens-based spectrometers exhibit excellent imaging properties with nearly no bowtie effect, but they have, on the other hand, a significant problem with outof-plane diffraction, which is caused by the diffraction grating and rays vertically offset to the optical axis. This results in a curvature of the input from an input fiber-line array. 26 There are, however, computational options to correct for those artifacts. 27 Recently, new commercially available spectrometers that offer superb imaging properties with little aberration have been launched.
Fiber and Probe Development
The key component for moving Raman spectroscopy to clinical in-vivo applications is fiber optical Raman probes. Over the years, a large literature body has emerged on the different types of Raman probe configurations, often too large to be assessed by a novice scientist. Each specific probe configuration can lead to different types of information, resulting in a differentiated interpretation of the data. Moreover, the number of available probe designs is constantly increasing because new probes not only are designed to perform Raman spectroscopy but also include other optical modalities, such as autofluorescence, OCT, reflectance, just to name a few. As such, it is paramount to understand the different probe designs, how they differ, and what type of information they can provide. In this article, we give a detailed overview of different probe configurations and provide information on the possible applications. Optical fiber sensors are increasingly used in health monitoring devices. The characteristic features of silica optical fibers, i.e., small diameter, user-defined length, and high mechanical flexibility, allow facilitating the positioning of the sensor head at remote or otherwise difficult-to-access (body) sites. This permits the development of Raman probes that can fit in the instrument channel of standard medical endoscopes, and the insensitivity of optical fibers to electromagnetic fields enables applications in combination with magnetic resonance imaging (MRI). Additionally, fiber-based sensors do not interfere with conventional electronics, are nontoxic and chemically inert, and enable Raman spectroscopy to access hard-to-reach locations in vivo. The implementation of such optical Raman fiber probes can be quite complex. For example, the intensity of the Raman signal generated along the length of silica-based optical fibers can overshadow the generated Raman signal from the sample. Therefore, excitation and detection paths are usually separated into individual fibers to apply appropriate filtering at the distal fiber ends. The excitation fiber is supplemented with a narrowband or a shortpass filter to suppress the silicabased Raman background. In the collection path, on the other hand, a longpass filter is needed to prevent reflected or backscattered laser light from re-entering the fiber. Oftentimes, a multitude of collection fibers is used to improve collection efficiency. At the proximal end, the collection fibers are aligned to efficiently couple the detected Raman signal into the spectrometer. Huang et al. 28 designed a special round-to-parabolic fiber bundle comprising 64 fibers (100-μm-core diameter, NA, 0.22) packed in a round geometry at the collection end but spread out into a parabolic linear array in an orientation opposite to the image aberration of the lens-based spectrograph at the spectrograph's entrance site.
In addition to standard optical fibers, there are a variety of optical fibers types that have also been employed, e.g., hollow, 29 microstructured, 30 bandgap, 31 or multicore 32 fibers. However, the development in recent years shows that, due to easy availability and low cost, mostly standard silica fibers are used. An overview of basic Raman fiber probe designs is given in Ref. 33 . Here, the focus will be on fiber optic Raman probes used or intended for in-vivo applications.
The Raman fiber probe design is strongly dependent on the application. It is obvious that different constraints exist when using the Raman probe, e.g., within a cardiovascular catheter as compared with measurements in the oral cavity or on the skin. Therefore, not only are spectroscopic parameters, such as the design of the filters, the collection efficiency, and the beam steering properties, important, but first and foremost, the probe diameter and flexibility of the probe have to be considered. Of course, size restrictions are less limiting for skin applications in comparison with cardiovascular applications. Additionally, for applications in hospitals, the designs of fiber optic probes have to conform to hospital guidelines, i.e., the entire fiberspectroscopic system has to be enclosed to avoid stray light and fit on a small transportable cart for the operating theater. The clearance for the European market requires CE certification. With this marking, the manufacturer or importer declares compliance with the relevant EU legislation applicable to a product, regardless of where it was manufactured. Concerning the laser powers at the sample position, the guidelines are defined by ANSI Standard Z136.3-2011 "Safe Use of Lasers in Health Care" for the U.S. and EN 60825-1/A2 for Europe. Because of performing in-vivo experiments in patients, biocompatible materials should be used to avoid toxic effects. 34 Furthermore, the optical fiber probe has to withstand hospital sterilization procedures. 1 
Basic Raman Probe Setups
One major difference between endoscopic Raman probes is whether they are confocal or volume probes. For illustration purposes, Fig. 2(a) shows an endoscopic volume probe, also known as a nonsuperficial or nonconfocal probe. These are endoscopic probes without any focusing optics and are the simplest endoscopic fiber optical Raman probes. Figure 2 (b) shows a confocal endoscopic fiber optical Raman probe, which is more complex than the nonconfocal probe due to the addition of extra optical components, such as ball lens, gradient index lens (GRIN lens), 35 or aspheric lenses. 36 To allow for side-viewing application, mirrors [ Fig the tissue by an NIR-coated sapphire ball lens to a focal spot diameter of ∼0.2 mm. The lens is mounted on the tip of the Raman probe and has a diameter of 5 mm. This probe and the more compact version, 38 with a total outer diameter of 8 mm were used for in-vivo cervical tissue measurements, 37, 39 as well as measurement of the oral cavity. 40 Using Monte Carlo simulations, the depth selectivity of ball lens-coupled probes and its dependence on refractive index and diameter of the ball lens have also been demonstrated. 41 To reduce interference from deeper tissue layers during endoscopy, a beveled confocal fiber optic Raman probe coupled with a ball lens was introduced in Ref. 42 . It was shown that the ratios of the Raman photons collected from epithelium versus stromal depend on the bevel-angle of the fibers. 42 In-vivo measurements during endoscopy also revealed that the Raman spectra acquired using the confocal Raman probe are not easily comparable with a volume-type Raman probe 43 because of the different probed tissue volumes. It was found that about 85% of the collected signal arouse from the top 200-μm epithelium layer of the gastric tissue, whereas 15% arouse from a range between 200 and 800 μm. In addition, the beveled Raman probe provides approximately twofold improvements in tissue Raman-to-autofluorescence intensity ratios as compared with the use of a volume Raman probe. 44 Beveled probes were used in a large trial to acquire spectra from 373 patients with different histological subtypes in the upper gastrointestinal (GI) tract and to construct a comprehensive Raman library with >12.000 Raman spectra. 45 For the online analysis of the in-vivo spectra, dedicated MATLAB-based software was used with automated data acquisition and spectra preprocessing, allowing also discarding of noncontact spectra. 46 In further trials, 40, 47, 48 the advantage of using both the high and the low-wavenumber range was shown. A comparative study demonstrates that the Raman spectroscopic technique coupled with beveled fiber optic Raman probe has great potential to enhance in-vivo diagnostics of gastric precancer and early cancer at endoscopy, 44 as compared with a volume probe.
Another clinical setup was introduced by Motz et al., 49 which uses a sapphire ball lens with a 2-mm diameter and a coupled fiber probe with 15 collection fibers. 50 Here, filters deposited on a special glass substrate were used, instead of directly coating the fiber ends. 43 The probe was applied for margin assessment during breast surgery 51 and in combination with a fluorescence/ diffuse reflectance probe for skin cancer diagnostics. 52 A commercial handheld fiber probe (InPhotonics, Norwood, Massachusetts) consisting of a 105-μm excitation fiber and a 200-μm collection fiber was used to study cervical 53 as well as oral cancers. 54 Short et al. 55 introduced a probe intended for lung cancer diagnostics. The probe comprises two filter stages: one set coated at the distal end of the probe, and the other is placed in the parallel light path; see Fig. 3 . In contrast to contact probes of other groups, this noncontact probe had a probe tip to tissue distance of between 5 and 10 mm and was used to generate an excitation illumination spot diameter on the tissue surface between 2 and 4 mm. An in-vivo application with the aforementioned probe showed that high-grade dysplasia and malignant lung lesions can be detected with a high sensitivity of 90% and a specificity of 65%, 56 using only the high wavenumber range, i.e., above 2800 cm −1 . To accurately indicate the area being measured, a 532-nm guide laser was added and connected to three of the 31 collection fibers. 57 Custom-made commercial probes are also in widespread use. Agenant et al. 58 compared a nonsuperficial (or volume probe) 59 with a superficial Raman probe, both from EMVision LLC 60 (Loxahatchee, Florida) with respect to their sampling range. Both use seven collection fibers surrounding a single excitation fiber. The superficial probe had additionally a two-component converging lens, which is a 1-mm-thick flat window of fused silica, and a proximal element of a plano-convex sapphire lens; see Fig. 4 . This configuration allows overlapping the excitation and collection light at the sample without interference from the sapphire Raman signal and an ∼0.5-mm surface diameter of the sampled region. Using a layered phantom model, they found that the optimal sampling range of the superficial probe is between 0 and 200 μm and for the nonsuperficial probe between 0 and 300 μm. 58 With this range, the superficial probe measures close to the origin of urothelial carcinomas 100 to 200 μm below the surface. It is designed to comply with the regulations of the Medical Device Directive, made of biocompatible materials, and can withstand repeated plasma (STERRAD ® ) sterilization. With its outer diameter of 2.1 mm, it fits through the endoscopic channel of a cystoscope 58 or a colonoscope. 61 The same type of superficial probe has been used for intraoperative brain cancer detection. [62] [63] [64] Using the fiber probe on 17 patients with WHO grade 2 to 4 gliomas, it was possible to accurately differentiate normal brain from dense cancer and normal brain invaded by cancer cells, with a sensitivity of 93% and a specificity of 91%. 64 The group around Mahadevan-Jansen used this probe to characterize human cervical remodeling throughout pregnancy 65 and inflammatory bowel disease (IBD). 66 For the examination of soft-tissue sarcoma immediately after excision, the slim body of the probe was made pen-like and housed, resulting to an outer diameter of 6 mm. 67 The tissue of 42 patients was measured by bringing the tip of the fiber optic probe in direct contact with the regions of interest, i.e., tumor bed, control of normal muscle tissue, and fat tissue.
Optical filters are usually employed to prevent the reentry of reflected laser light into collection fibers. Another approach is to use a noncollinear arrangement of excitation and collection fibers, which additionally offers advantages concerning the Raman fiber background. 28 The probe was designed as a Raman probe for skin analysis 26, 68 and applied with the collection arm perpendicular to the skin surface. To collect the signal 58, optical fibers with a core diameter of 100 μm were used. The fibers are arranged along a curvature and coupled into the spectrometer. As described in Refs. 68 and 69, this probe was used for the detection of benign and malignant skin cancer lesions, respectively. The results published in 2012 showed sensitivities between 95% and 99% and specificities between 15% and 54%. 68 Related patents are licensed to Verisante Technology Inc., Germany, which gained market access in 2011 for the evaluation of suspicious skin lesions in terms of diagnosing melanoma, squamous cell carcinoma, and/or basal cell carcinoma. 70 Another handheld probe for skin measurements 71 was introduced in Ref. 72 , additionally containing positioning elements to enable automated positioning of the objective making it somewhat bulky, with an outer dimension of 12.7 × 20.3 cm. As this handheld system contains no visual imaging capabilities, a targeting system, consisting of a guiding collar with a removable reticle, was developed to allow accurate identification of the measurement location. As for skin applications, a special probe design is not required as the one-around-seven probe from EMVision can also be employed, as was demonstrated in Ref. 73 . For skin analysis not related to cancer, but to characterize depth profiles of stratum corneum, e.g., penetration studies of drugs or cosmetic products, in numerous cases a model 3510 Skin Composition Analyzer (River Diagnostics, Rotterdam, The Netherlands) was frequently employed. [74] [75] [76] [77] [78] An alternative miniaturized, confocal fiber optic probe intended to fit within the instrument channel of a standard medical endoscope, with a diameter of 2.8 mm, was developed by Day et al. 36 It was optimized for the study of the carcinogenesis process of esophageal malignancy. The optical layout is related to the probe shown in Fig. 2(d) . The group used a monolithic filter/mirror component and developed wet-etched silicon motherboards and the jigs to ensure sufficient positioning accuracy of the optical parts. Although the probe is designed for in-vivo application, up to now it has been used to study resected tissues only. 35, 79, 80 Almond et al. 35 turned it into a contact probe by replacing the aspheric lens with a grin lens. 36 
Unfiltered Probes
The necessary spectral filtering to suppress the background makes the design and implementation of fiber optic Raman probes for the fingerprint region rather complex. At wavenumbers larger than ∼2000 cm −1 , the silica core and the cladding of the fiber generate considerably lower Raman background signal. This implies that the costly filters at the distal end of the probes could be omitted if the monitoring would be restricted to the high-wavenumber range, which was defined in Sec. 2. Hence, the diagnostic properties of the high-wavenumber range in comparison with the full or only the low-wavenumber range have been of significant interest and were widely investigated. 57, 81, 82 A comparison between the predictive strength of high-and low-wavenumber range was performed using a filtered and an unfiltered probe, respectively. 81 Applying this approach on colon lesions and employing multivariate analyses, the researchers found that detecting the high wavenumber Raman profiles might provide sufficient information for predicting the pathology. This has also been confirmed by others, 83 where a single fiber was used for both excitation as well as collection.
Spatially Offset Raman Spectroscopy
SORS is a method for the effective retrieval of Raman spectra of subsurface layers in diffusely scattering media and was introduced by Matousek et al. 84 The concept behind SORS is that there is a spatial separation between the point of laser illumination and the point of Raman signal collection on the sample surface. 84, 85 There are two main categories: SORS with a central illumination point and a collection ring and inverse-SORS with an illumination ring and a central collection area; see Fig. 5 . A method to quantitatively determine the optimal offset for a given chemical sample is introduced in Ref. 86 . Commercial devices are available and routinely used for airport security or in pharmaceutics, 87 i.e., for measurements through packages. Starting in 2006, 88 it has been used for in-vivo transcutaneous measurement of bone tissue, [89] [90] [91] [92] mainly by inverse-SORS. Using a custom-built instrument (Cobalt Light Systems Ltd., Oxfordshire, UK) with offsets of up to 9.5-mm, photon migration properties and Raman signal recovery from the depth within three selected bone types have been assessed. 89 SORS can also be employed for soft-tissue characterization, e.g., for breast tumors beneath a layer of normal tissue. [93] [94] [95] An SORS probe for the diagnostics of breast tumors was developed, arranging the collection fibers in four circle segments 94 and not in full circles as shown in Fig. 5 . Raman signal collection from three coaxial annuli of optical fibers was demonstrated. 96 In very recent publications, Journal of Biomedical Optics 071210-7 July 2018 • Vol. 23 (7) alternative approaches for depth-resolved Raman measurements, namely frequency offset Raman spectroscopy (FORS) 97 and time-domain Raman diffuse spectroscopy, 98 were introduced. With FORS, depth probing can be achieved by exploiting the different values of the optical properties of the medium at different frequencies, whereas time-domain approach exploits differing arrival times of photons.
Multimodal Probes
Already in 2008, Patil et al. 99 introduced a dual-modal device capable of performing sequential acquisition of Raman spectra and OCT images along a common optical axis. An integrated system with a common sample arm as well as common detection path was also demonstrated. 100 Here, both coregistered datasets are recorded sequentially with the same spectrometer. As a continuation of Ref. 99 , the clinical OCT/Raman setup of Patil et al. 101 allowed screening areas of up to 15-mm transverse and 2.4 mm in depth with OCT to identify measurement locations of interest for Raman measurements. However, the overall probe size of 10.2 × 12.7 × 20.3 cm makes it mainly suitable for skin applications. A side-view hybrid probe for in-vivo real-time measurements was developed, 102, 103 making use of the complementary information provided by OCT and Raman spectroscopy. The handheld OCT/RS probe has a length of ∼120 mm with a probe head size of ∼13 mm × 8 mm, making it suitable for in-vivo tissue measurements on human organs, such as the oral cavity, cervix, and skin, or for intraoperative monitoring, e.g., brain surgeries. With this, both the tissue morphology and biochemical information can be acquired simultaneously in vivo. However, making full use of the potential of combined Raman-OCT will require the development of analytical techniques that appropriately correlate the information from both types of data, i.e., imaging and spectroscopy. 101 In Ref. 103 , it was demonstrated that the diagnostic strength of the combination is improved in comparison with Raman spectroscopy or OCT alone. To address the issue of obtaining both morphological and molecular information at depth, a hybrid approach integrating OCT with wavelength modulated spatially offset Raman spectroscopy (WM-SORS) was introduced. 104 Using polystyrene in lard phantom, coregistered Raman spectroscopy and OCT measurements at depths of up to 1.2 mm were demonstrated. The wavelength modulation additionally suppresses fluorescence background. 16, 105 A Raman-OCT probe for the prospective in-vivo clinical melanoma skin cancer screening was integrated into a commercial spectral domain OCT-setup (Telesto II, Thorlabs). 106 To allow a future upgrade with an optoacoustic detector, a pulsed excitation source for Raman spectroscopy was used. For first in-vivo measurements, an elliptically illuminated skin area with axes of 9 and 7 mm and integration times of 100 s were used.
Scepanovic et al. 107 developed a multimodal system that combined Raman spectroscopy, autofluorescence, and diffuse reflectance and comprising three light sources that are sequentially coupled to the probe by an optical fiber switch. It was employed for in-vivo detection of vulnerable or thrombotic plaques during femoral bypass and carotid endarterectomy surgeries. 108 The ball lens-coupled probe contained a single excitation fiber and a concentric ring of 15 collection fibers, 10 of which were used to collect Raman spectra, and the remaining five to collect reflectance and fluorescence data.
A multispectroscopy surgical probe from EMVision, similar to the probes described in US patents 8,175,423 and 8,702,321, allows sequential acquisition of Raman spectra and fluorescence signals for two excitation wavelengths and the reflection of a white-light source, controlled by an optical switch. 109 Depending on the read-out technique, fluorescence intensity or fluorescence lifetime 110 can be recorded. Figure 6 shows the principal setup, consisting of seven collection fibers around an excitation fiber for Raman spectra and, in green, two fibers for the collection of the other modalities. A multimodal setup, designed for skin cancer diagnostics, was introduced in Ref. 111 . It is nearly identical to the probe shown in Fig. 7 , except that three fibers with a 200-μm-core diameter are arranged in a triangle and used for fluorescence and diffuse reflectance spectroscopy (DFS). In addition, eight fibers, i.e., seven 300-μm-core collection fibers and one 200-μm-core excitation fiber, are used for Raman spectroscopy. Another difference is that three "non-Raman" fibers bypass not only the donut-shaped longpass filter but also the front lens to correct for spectral aberrations.
Image Guidance
Recent developments in biomedical Raman spectroscopy indicate that image guidance for Raman measurements is highly advantageous, especially with regard to future computerassisted and robotic surgery. In Ref. 113 , integration and visualization of an image-registered Raman probe were demonstrated. It was shown that the position of the probe can be tracked and registered to any imaging modality, e.g., computed tomography (CT) scans. During brain surgery, a navigation attachment (Medtronic SureTrak) was used for spatial registration with the Medtronic StealthStation system, enabling MR guidance of measurement and tissue sample collection locations. 62, 64 A commercial Raman probe from EMVision LLC was adapted to the ARAKNES 114 robotic platform and tested using tissue samples. The final intent is to identify ambiguous tissue margins during robot-assisted endoluminal surgeries. 115 As Raman probes can only perform single-point measurements, the knowledge of the exact measurement point is of great importance 116 because the samples are often very heterogeneous. Schleusener et al. 117 have, therefore, designed a macroscopic Raman probe with a video-recorded measurement spot. Image guidance is also very advantageous for endoscopy as it helps to correlate the Raman measurements with histopathological findings. In 2009, Huang et al. 43 introduced image-guided endoscopy in combination with Raman spectroscopy (Fig. 8) . The group used a trimodal widefield setup, i.e., white-light reflectance (WLR), autofluorescence, and narrow-band imaging in combination with point-wise Raman measurements. A Raman endoscopic probe with an outer diameter of 1.8 mm was constructed to fit through the instrument channel of a medical endoscope. This is a more direct approach as compared with MR or CT guidance. Confocal, as well as volume probes, can be employed, as long as the size restrictions given by the instrument channel are observed. The Raman probe developed by Huang et al. 43 consisted of 33 optical fibers: one for excitation and 32 for Raman signal collection. The distal end of the fiber probe was coated with two different types of filters; the central excitation fiber is coated with a narrow bandpass filter, centered at 785 nm, with an FWHM of AE2.5 nm. The surrounding collection fibers were coated with edge longpass filters and a cutoff at 800 nm. The Huang-group has published several papers, using the described Raman probe for a variety of in-vivo applications. 46, 82, [118] [119] [120] [121] For example, to construct a spectral database to build a model for gastric cancer diagnostics, they acquired 2748 spectra of gastric tissue from 305 patients in vivo using the described real-time system. 46 To get a universal tool, organ-specific diagnostic models were implemented, Journal of Biomedical Optics 071210-9 July 2018 • Vol. 23 (7) enabling instant switching among the spectral databases of different organs, e.g., esophagus, gastric, colon, cervix, bladder, lung, nasopharynx, larynx, and the oral cavity, including the hard palate, soft palate, buccal, inner lip, ventral, and the tongue. 46 This instrumental setup was also used with a confocal probe and improved depth resolution for the characterization of nasopharyngeal cancer. 48 In this study, spectra from 95 patients were recorded. As biopsies were taken only from suspicious sites, relying on otolaryngologists' observations, the researchers state that the "healthy baseline" may not be fully corrected, which could result in errors in tissue Raman classification. 48 More clinical information regarding the mentioned publications can be found in Sec. 4.
Clinical Use
Several technical challenges remain for clinical use, such as a robust control over the laser radiation dose and measurement repeatability during endoscopy. A decrease in the SNR, due to the aging of the Raman probe after repeated cycles of harsh reprocessing procedures, is also of concern. To address such issues, disposable, biocompatible, and sterile sheaths for manufacturing endoscopic fiber optic Raman probes is being designed and tested. 115, 122 Sterilization is realized mostly by either cold gas ethylene oxide or Sterrad R (Advanced Sterilization Products, Irvine, California). 58, 108 To save costs, unfiltered probes have also been investigated and would make single-use probes more feasible as reprocessing can damage the probe or alter its spectral behavior. 81 For some applications, a large excitation spot is preferred as a larger laser intensity can be used while still complying with the maximum permissible exposure (MPE) guidelines. 122 However, a lack of precision in controlling the sampling distance was anticipated under most operating circumstances. Using an EMVision Raman probe 117 with an added light suppression shield, Schleusener et al. 12 investigated the perturbation factors in the clinical surrounding, such as ambient light, contact force, and immersion fluids. Also, user induced, e.g., caused by varying contact force and angle, and system-induced variabilities were investigated. 123 Using an unfocused seven-plus-one probe (EMVision), only small user influence was observed.
During surgery, there can be interference from light sources, as for example, surgical spotlights, white-light sources, and LCD-monitor light. The same holds true when combining Raman systems with image guidance. Spectral interference from the imaging light, which gives rise to spectral artifacts, can easily obscure the weak Raman signal and reduce the predictive accuracy of the analysis. Switching the imaging light off during a Raman measurement increases the risk of puncturing the tissue, and the point of spectral acquisition cannot be visually confirmed. 57 Desroches et al. 63 more thoroughly researched the impact of surrounding light and found arrangements, which avoid measurements in complete darkness, i.e., standard operating room lights can be left turned on as long as they are pointed away from the sample. In a follow-up publication, 124 a filter adapter for the surgical microscope composed of two shortpass filters was designed. This adapter in combination with background removal efficiently suppressed the interference of the operating microscope light source.
Depending on the clinical surrounding, special approaches are necessary. For Raman measurements during interventional MRI, a special fiber probe is needed, with no metal parts in the probe head. Ashok et al. developed an MRI compatible fiber optical Raman probe with a disposable probe head, which also maintains sterility. To make the probe head a single-use component, the filtering was decoupled from the head and the commonly used steel capillaries were replaced by a heatshrinkable sleeve.
Furthermore, efficient calibration procedures have to be applied to ensure reproducible system performance. Wavenumber calibration is typically accomplished using calibration standards, 109 such as acetaminophen, naphthalene, and a calibration light source. The spectral system response can be calibrated using a tungsten-halogen lamp. 67, 111 For quantitative analysis of in-vivo tissue, Raman measurements in real-time univariate 125 or multivariate 126 reference signals can be used.
Medical In-Vivo Applications
Raman spectroscopy has been used extensively for the characterization of ex-vivo biopsy samples; however, the real benefit of the method can only be explored through in-vivo applications. As such, there has been a significant movement from ex-vivo to in-vivo studies in recent years. This section presents the latest in-vivo studies and applications of Raman spectroscopy as a potential tool for intraoperative assistance and for the medical diagnostics on a variety of diseases and tissue types, such as cardiovascular and inflammatory disease and lung, breast, digestive and urinary tract, brain, and skin cancer.
Cardiovascular Diseases
Cardiovascular diseases are the leading causes of death worldwide. 127 Due to the aging of blood vessels lining, the inner walls of arteries become susceptible to deposition and permeation of various lipids circulating through the bloodstream, resulting in a clogging of the vessel walls, a disease which is called atherosclerosis (AT). The associated swelling can severely reduce the blood flow and thus the nutritional supply of the affected organs, which is one of the leading causes of cardiovascular events.
Apart from diagnosing the presence of atherosclerotic plaques, it is well-known that the severity of a plaque and its stability are strongly correlated with its biochemical composition. 128 For instance, the identification of vulnerable plaques remains one of the most important and challenging aspects of cardiology. There are several types of vulnerable plaques, which have distinct biochemical compositions that are characterized by lipid cores, thin fibrous caps infiltrated by macrophages, proteoglycan matrices in a smooth muscle cell-rich environment, intraplaque hemorrhage, or calcificed nodules protruding into the vessel lumen. 129 Thus, specific information about the composition of a plaque would greatly improve the risk assessment and management.
Several spectroscopic techniques based on near-infrared absorption, Raman spectroscopy, or fluorescence are currently under investigation or being developed. 130 Due to a highmolecular specificity and sensitivity for lipids and crystalline calcium, which are the main constituting biochemical components of atherosclerotic plaque, Raman spectroscopy is a predestined tool to perform this characterization. Furthermore, it is readily possible to distinguish between subclasses of lipids, such as triglycerides, cholesterol, and different cholesterol esters. The coupling of Raman spectroscopy to miniaturized probes allows a catheter-based implementation that can be 131 In 2006, Raman spectroscopy was tested during carotid endarterectomy and femoral artery bypass surgeries. 132 Experiments in combination with other spectroscopic techniques, in particular with DRS and autofluorescence, often referred to as intrinsic fluorescence spectroscopy (IFS), 108, 133 demonstrated that Raman spectroscopy is very sensitive to lipid pools. Concurrently, obtained DRS data have been related to the presence of β-carotenoids and superficial foam cells. Autofluorescence, on the other hand, has been used to detect the thickness of fibrous caps. Depending on the Raman probe design, the currently available Raman probes for cardiovascular applications are about 1 mm in diameter, which is generally subject to improvement. At this point, it is noteworthy to mention that Raman excitation within the NIR is not hindered by the presence of blood, and the intensity of the occurring autofluorescence is not too high and does not obscure relevant Raman signals. 134 In contrast to other modalities, Raman spectroscopy offers enormous benefits because of its potential to provide quantitative data. Early on in cardiovascular applications with Raman spectroscopy, it has been demonstrated that individual plaque components can be quantified. Because of unique compositional parameters, different plaque types can be analyzed in a nonsubjective manner that can assist in the recognition of vulnerable plaques and improve the aforementioned risk management. It is also possible to combine Raman spectroscopy with OCT for fast image contrast on the plaque morphology. In-vivo Raman spectroscopy in combination with OCT has been applied consecutively on rabbits (Fig. 9) . 112 The allocation of the collected OCT and Raman data can be assured by X-ray angiography during the operation; however, a probe that allows both modalities would be of significant impact. The OCT images and the Raman spectral information of distinct abnormal positions of early plaque formations were recorded. The morphology of early plaque formations was characterized by the OCT images and the Raman data obtained clearly showed the lipid nature of the depositions. All reported studies, mostly ex vivo, focused on proof of principle experiments. In particular, the application of Raman probes within arteries under in-vivo conditions is still very basic. The current challenges are predominantly of a technical nature, i.e., to design Raman probes that fulfill the technical requirements for applications in human.
Intravascular FLIM has also been compared with Raman spectroscopy. Both modalities were simultaneously acquired from two human coronary specimens using a bimodal probe. 135 Raman spectroscopy could distinguish lipid from necrotic cores, whereas FLIM extracted information could identify fibrous caps.
Inflammatory Diseases
Inflammatory diseases are linked to a vast array of disorders characterized by inflammation and include allergic asthma, autoimmune disease, hepatitis, and IBD, among others. The diagnosis of inflammatory changes is crucial for the early diagnosis and treatment of autoimmune infections and metastatic diseases. 136 Ex-vivo Raman-based diagnostics of asthma and hepatitis was investigated by analyzing serum and blood plasma samples. 137, 138 Ulcerative colitis (UC) and Crohn's disease are two distinct types of IBD. The ability to endoscopically, pathologically, and radiologically diagnose and analyze the disease severity still needs improvement. 139 The potential of Raman spectroscopy to detect molecular alterations in UC and Crohn's (CC) has already been demonstrated. 140 Pence et al. 141 tested a colonoscopy-coupled Raman fiber probe on 53 patients. Raman spectra were collected from the cecum, transverse, and sigmoid sites of the colon with integration times of 0.5 s and an excitation power of 80 mW. To improve the signal collection, a shallow focus design through a focusing microlens at the probe tip was implemented. 142 The authors employed a sparse multinomial logistic regression algorithm to discriminate between UC and CC. The model was based on a Bayesian machine learning framework of statistical pattern recognition and allowed an overall classification accuracy of 95%. Recently, Pence et al. 66 reported a pilot in-vivo Raman study to characterize IBD in 23 patients including healthy subjects that underwent a routine surveillance and evaluation colonoscopy, with biopsies collected. The classifiers did not achieve optimal sensitivity and specificity, with 62% and 22%, respectively, when discriminating colitis from the quiescent disease. Nevertheless, the analyzed Raman spectra provided enough information to discriminate between IBD and normal colon, demonstrating the potential of Raman spectroscopy for providing unknown biochemical information that can be used as a diagnostic tool for IBD. (7) 4.3 Cancer
Lung
Lung and bronchus cancers are the most common causes of cancer deaths worldwide, 143 and smoking is the leading cause for this kind of cancer. 144 Techniques, such as CT, chest X-ray, and sputum cytology, are commonly employed for lung cancer screening, but by the time of diagnosis in more than half of the patients the cancer has already metastasized. Early detection is urgently required to allow appropriate treatment and a reduction of mortality rates. 145 For example, using low-dose CT scanning, it was demonstrated that screening a high-risk population for lung cancer has led to a mortality reduction. 146, 147 White-light bronchoscopy has also been tested for early detection of cancer. However, it was reported that this technique cannot diagnose early cancers and precancerous lesions, such as angiogenic squamous dysplasia and squamous cell carcinoma in situ, and only 29% carcinoma in situ (CIS) and 69% of microinvasive tumors were detectable. 148 Fluorescence bronchoscopy has been tested and remains a promising tool for early detection of lung cancer. 149 Nevertheless, a main limitation is the specificity and the ability to only detect the proximal bronchial tree. 150 Early ex-vivo and in-vivo Raman studies demonstrated the potential of Raman spectroscopy to differentiate accurately tumor from healthy tissue. 151, 152 Recently, McGregor demonstrated that Raman spectroscopy together with multivariable analysis allowed differentiation of highgrade dysplasia and malignant lung lesions from tumor tissue and benign lung lesions with a high sensitivity and good specificity for 280 tissue sites of 80 patients. 56 The authors acquired Raman spectra mainly from the high wavenumber region (2775 to 3040 cm −1 ), with an acquisition time of 1 s. It was observed that spectra with malignant lesions presented a distinctive loss in lipid at 2850 cm −1 . The analysis of this vibrational band allowed the discrimination of tumor from normal tissue with a sensitivity of 90% and specificity of 65%, respectively. It was further shown that the low specificity could be improved when Raman spectroscopy was combined with autofluorescence and white-light bronchoscopy. 153 Thereby, the efficiency of Raman spectroscopy has been demonstrated for lung and bronchus cancers detection. Nevertheless, so far it remains investigational and larger clinical trials are required to validate its effectiveness in the early cancer diagnostics.
Breast
The second most common cancer and one of the most frequent malignancies in women worldwide is breast cancer, with 1.7 million new cases per year. 154 Many diagnostic methods have been investigated to diagnose early-stage breast cancer, including MRI, ultrasonography (US), positron emission tomography (PET), and CT, and are routinely used in the clinics. 155 Nevertheless, the sensitivity for the detection of early-stage breast cancer is rather low, and a intrasurgical assessment of the tumor margins is often quite challenging. In addition, there are cost and time constraints that still need to be addressed, and these create a demand for highly-sensitive and rapid methods to assess tumor margins during the surgery of early-stage breast cancer. 155, 156 An early study employing 321 Raman spectra from 44 patients demonstrated the potential of Raman spectroscopy to effectively diagnose early-stage breast cancer with a sensitivity of 72% for malignant tissue and 62% for benign tissue and a specificity for normal tissue of 83%. 157 The authors found that the normal tissue exhibits characteristic bands of carotenoids at 1150 and 1520 cm −1 , which can be assigned to C─C and C═C stretching vibrations, respectively. Other characteristic changes were observed in the symmetric and asymmetric C─H vibrations at 2850 and 2940 cm −1 , respectively, which are representative of lipids. These characteristic bands were not observed or did exhibit altered appearance in malignant breast tumor tissue. In addition, the group found that the fatty acid composition in cancerous breast tissue had an increased content of 20-carbon essential fatty acid, which is significantly different from the fatty acid profiles present in normal breast tissue. This was also observed by Abramczyk et al. 158, 159 after testing the Raman same system on 150 patients. One possible interpretation is that the noncancerous tissue is dominated by monounsaturated oleic acid. 159 Saha et al. 160 reported on the potential of Raman spectroscopy for the real-time identification of microcalcifications as an early sign of breast cancer during stereotactic breast core needle biopsies. The study included ex-vivo Raman measurements from 159 tissue sites of 33 patients to detect microcalcifications in breast tissue biopsies. Using a probe described by Motz et al., 50 the authors employed ordinary least squares fitting to approximate the acquired spectra with a breast model that was developed in a previous study. 161 The authors showed that it was possible to distinguish the types of microcalcifications based on the presence or absence of vibrational bands characteristic of calcium oxalate at 912 and 1477 cm −1 ; see Fig. 10(a) . The specific location in the biopsy from where the spectrum was acquired is shown in Fig. 10(b) . In contrast, Fig. 10(c) highlights the prominent band 960 cm −1 , which is characteristic for calcium hydroxyapatite/(microcalcification type II). The specific location in the biopsy is shown in Fig. 10(d) .
Additionally, Horsnell 162 and Haka et al. 163 evaluated the potential of Raman spectroscopy for in-vivo diagnostics for breast cancer. Both report on the feasibility to use the method in an operational theatre environment during surgery. The study by Haka et al. included nine patients and 31 Raman spectra were acquired. With their classification model, they reached an overall accuracy of 93% (28 of 30). 51 The work by Horsnell et al. 162 included 38 lymph node samples from 17 patients, achieving sensitivities and specificities of 90% in unsupervised test. The classification algorithm, as the one applied here described by Li et al., 164 was able to classify the normal from tumor biopsies with a sensitivity of 94.9% and a specificity of 93.8%.
During the last 5 years, there have been no further records of in-vivo studies using Raman spectroscopy for the detection of early breast cancer.
Digestive and urinary systems
According to the international agency for research on cancer, one of the most commonly diagnosed cancers worldwide is colorectal cancer with 1.4 million cases per year. The third most frequent cause of cancer death is stomach cancer with 0.7 million cases (8.8%), 165 while esophageal cancer is the eighth most frequent cancer (3.2%) and the sixth most common cause of death (4.9%). 166, 167 The research group around Huang has widely performed in-vivo studies with Raman spectroscopy to differentiate normal and tumor tissue in colon, stomach, and the esophagus. 46, 47, 119, 121, [168] [169] [170] [171] [172] Early work by this group demonstrated the potential of Raman spectroscopy in the stomach by differentiating dysplasia from normal tissue. The authors use 173 Data were analyzed by the variation in the band intensity ratio at the band 875 cm −1 , i.e., C─C stretching of hydroxyproline, and the band at 1450 cm −1 , i.e., CH 2 bending of proteins/lipids, resulting in a sensitivity of 85.7% and a specificity of 80%.
Huang and Bergholt 174, 175 have also performed in-vivo Raman measurements in the stomach for a label-free diagnostics of epithelial neoplasia, benign, and malign stomach ulcers. The results of these studies demonstrated that the diagnostic capability is optimized through the combination of near-infrared autofluorescence with Raman spectroscopy. A total of 1098 normal tissue and 140 cancer gastric tissue samples from 81 patients were measured with a spectral acquisition time of 0.5 s. The differentiation between gastric cancer and normal tissue was achieved with a sensitivity of 97.9% and specificity of 91.5%. The main advantage of combining Raman spectroscopy with autofluorescence is that the latter provides additional information, such as changes in morphological structures, tissue scattering, absorption, and endogenous fluorophore content of sample. 121 Bergholt et al. 119 also performed in-vivo diagnostics of esophageal cancer with image-guided Raman endoscopy by combining widefield endoscopic imaging, narrow band imaging, and autofluorescence imaging in 75 esophageal tissue sites from 27 patients, where 42 Raman spectra were acquired from normal tissues. It was found that the esophageal cancer tissue exhibits Raman bands associated with cell proliferation, lipid reduction, and neovasculation. The LDA-based diagnostic model allowed differentiating tumor from normal tissue with a sensitivity of 97% and specificity of 95%. Examples of in-vivo Raman spectra and Raman difference spectra of normal and cancerous esophageal tissue from this publication are plotted in Fig. 11 . The difference spectra between the distal and proximal esophageal sites of normal tissue show insignificant detectable biomolecular variability; see Fig. 11(b) . Figure 11(c) shows the difference spectrum between tumor and normal esophageal tissue, which resolves meaningful biomolecular changes that are related to neoplastic tissue transformation. 176, 177 Other relevant studies on the esophagus, although ex vivo but worth mentioning, were carried out by the Stone's group. 79, 80 Kendall et al. performed the diagnostics of esophageal cancer using a Raman probe on 123 esophageal biopsies collected from 49 patients. The authors demonstrated that high levels of sensitivity (81%) and specificity (98%) can be achieved using the miniature confocal fiber optic Raman probe at 50 mW, laser excitation of 830 nm, and acquisition times between 2 and 10 s from random locations on the surface of each sample. 36, 79 Recently, Wang et al. 171 demonstrated that the acquisition of both the low and the high wavenumber regions of a Raman (7) spectrum meaningfully enhances the detection of esophageal neoplasia in vivo in comparison with each region alone. The authors measured Raman spectra from 48 esophageal patients under endoscopic examination, with 80% of the data used to train a model and the remaining data used for testing the data acquired with a confocal beveled fiber optic Raman probe. 42 The classification was performed using partial least squares discriminant analysis with cross validation, resulting in a diagnostic sensitivity of 97% and specificity of 97.4% of the esophageal squamous cell carcinoma. The changes were attributed to a reduction of the Raman band intensities at 1078 cm −1 , which is associated with a reduction in lipid content that occurs mainly due to the thickening of the cancerous esophageal mucosa. 178 In a follow-up study, Wang et al. 47 also reported an in-vivo investigation into diagnostics gastric dysplasia, mostly known as a precursor of gastric cancer. The authors tested the fiber Raman probe system employed in the previous study 45, 171 to differentiate normal, dysplastic, and cancerous gastric tissue, achieving much higher specificity in comparison with WLR endoscopy, 95.9% and 51%, respectively. The study obtained a total of 5792 Raman spectra of gastric tissue, i.e., 89% normal, 2% high-grade dysplasia, and 8% adenocarcinoma from 191 gastric patients and 441 tissue sites. Bergholt et al. 179 also reported for the first time depth-resolved Raman endoscopy as a tool for the in-vivo detection of dysplasia in Barrett's epithelium, with a total of 43 patients that were tested with Raman endoscopy. The fiber optic Raman probe was used in direct contact with the GI epithelia. The Raman signal was acquired from a layer of a depth of ∼200 μm, with a 785-nm excitation trimodal Raman spectroscopic platform, which allowed the resolution of histopathological features of endogenous biomolecules in the epithelium.
Lin et al. 172 reported diagnosing gastric intestinal metaplasia (IM) in vivo using the beveled fiber optic Raman probe previously developed. 42, 44 The authors acquired 4520 gastric Raman spectra from 157 gastric patients, i.e., normal 92% and IM 8%. Relevant differences between normal and IM tissue were reductions in the band intensities at 875 and 1078 cm −1 , which are associated with collagen and lipid contents, respectively.
Bergholt et al. 180 demonstrated in 2015 in an in-vivo study that specific biomolecular variations picked-up by Raman spectroscopy in different anatomical locations within the colorectum of normal colorectal tissue is negligible compared with cancer tissue.
The authors acquired Raman spectra from 1129 sites of five different locations, i.e., ascending colon 16%, transverse colon 22%, descending colon 11%, sigmoid 19%, and rectum 32%, in 50 patients. To complement this work, Ding et al. 181 investigated different physiological factors on biochemical properties of colon tissue. After measuring 455 Raman spectra from 56 subjects, between 28 and 85 years of age, it was found that ethnicity, gender, and age in relation with body mass index (BMI) are key factors of variability in the spectra within the normal tissue, mainly from contrasting abundance between lipids and proteins. The authors report that the intensity of Raman bands at 1303, 1445, and 1656 cm −1 increased substantially in obese and overweighed patients compared with the normal subjects. In contrast, protein decreased in both groups. It is, therefore, reasonable to consider the BMI a relevant factor when applying Raman spectroscopy for label-free in-vivo diagnostics.
Worldwide bladder cancer has become the ninth most common cancer, with a mortality rate of >60%. 182 Early studies on biopsies demonstrated the potential of Raman spectroscopy to detect different bladder tumors (CIS, G1 to G3) from normal bladder tissue. [183] [184] [185] [186] For instance, it was found that the DNA content increases for pathologies within the bladder and the prostate, while in contrast the collagen content decreases. In addition, a higher level of cholesterol with an increased severity of the tumor was observed. 187 These investigations were complemented by another ex-vivo study that employed confocal Raman probes acquiring 140 Raman spectra from 28 fresh biopsies of 14 patients optimizing the classification algorithm and achieving a sensitivity of 85.7% and specificity of 100% for the diagnostic performance. 185 Further steps were taken by Stone and coworkers 188 in collaboration with Motz et al. 49 The authors reported on a clinical fiber optic Raman system for the discrimination between benign and malignant snapfrozen bladder samples with an overall accuracy of 84%. 50, 188 This initial work allowed the translation of the Raman-based diagnostic approach from ex vivo to in-vivo bladder cancer diagnostics. A highly cited study on in-vivo bladder cancer diagnostics was reported by Draga and coworkers, 59 who performed measurements on 38 patients, using a Raman spectroscopic probe, reported previously by Magee et al. 151 For each sample, a leave-one-out cross validation was used to distinguish cancer from normal tissue, achieving a sensitivity of 85% and specificity of 79%.
Head and neck
Head and neck squamous cell carcinoma (HNSCC) includes a variety of tumors in the lip, oral cavity, hypopharynx, oropharynx, nasopharynx, and larynx. HNSCC is the sixth most common malignancy worldwide, 189 with about 85,000 incident cases and over 50,000 reported deaths from nasopharyngeal carcinoma (NPC) in 2012. 190 As an alternative to the standard tissue biopsy methods, optical spectroscopy techniques, such as light scattering, Raman and fluorescence spectroscopies have been tested for the detection of early-stage NPC. [191] [192] [193] The application of Raman spectroscopy for cancer diagnostics of head and neck has been reported for several cases. 191, [194] [195] [196] For example, Lin et al. 82 implemented transnasal image-guided Raman spectroscopy in the higher wavenumber region to detect laryngeal tumor tissue with a miniaturized fiber optical Raman probe in the larynx, acquiring 94 Raman spectra with 23% normal and 77% tumor sites from 39 patients that underwent laryngoscopic screening. The measured spectra presented prominent differences between normal and tumor tissue in the Raman band intensities at 2845, 2880, and 2920 cm −1 associated with CH 2 stretching of lipids, and the 2940 cm −1 band, which is assigned to the CH 3 stretching vibration of proteins. The authors were able to differentiate laryngeal tumor from normal with a diagnostic sensitivity of 90.3% and specificity of 90.9%.
Further studies in the nasopharynx and larynx allowed the first implementation of in-vivo real-time transnasal imageguided Raman endoscopy, 116 where the authors employed an earlier described Raman probe 43 to acquire 874 Raman spectra of 60% posterior nasopharynx, 18% of the fossa of Rosenmüller, and 22% true laryngeal vocal cords (LVCs) from 23 patients without any previous carcinosis. The spectra provided characteristic information about the composition and morphology variations in the normal nasopharynx and larynx tissue. The mean spectra of each intersubject nasal track are shown in Fig. 12 , where each spectrum was acquired within 0.1 s. The WLR images of the upper (PN), mid (FOR), and lower (LVCs) nasal track are also shown. In another study, the in-vivo anatomical variability of the oral cavity was investigated, and Raman spectra from 26 healthy volunteers and 113 patients registered for medical examination without a history of malignancy or dysplasia were acquired. The authors performed unsupervised classification to identify anatomical differences of the measured sites, whereby the anatomical clustering yielded an overall accuracy of 95%. 197 Wang et al. 103 characterized biochemical and morphological changes of clinically relevant locations of oral tissue, i.e., alveolar process, the floor of the mouth, and lateral tongue in vivo by combining Raman spectroscopy with optical coherence tomography (RS-OCT). The study was carried out on 26 healthy volunteers with 1049 Raman spectra acquired from alveolar process (31%), lateral tongue (33%), and floor of mouth (36%). OCT images were acquired to reveal the inter-anatomical morphological dissimilarities. Partial least squares discriminant analysis was used to train the dataset obtained with the RS-OCT, yielding a higher diagnostic sensitivity of 100%, 76.5%, and 51.3% and specificity of 95.1%, 77.6%, and 89.6%, respectively, than obtained by just using Raman spectroscopy, i.e., sensitivities of 90.2%, 77.5%, and 48.8%, and specificities of 95.8%, 72.1%, and 88.8% for the differentiation of tumor and normal tissue of alveolar process, lateral tongue, and floor mouth, respectively.
Huang and coworkers 42 investigated a micro-optical Raman probe for the in-vivo diagnostics of laryngeal cancer, acquiring 2124 Raman spectra, i.e., 62% normal and 38% tumor tissue from 60 patients under routine endoscopic examination. They reported that laryngeal tumor differs from normal tissue and that the changes are associated with the water content in the larynx, as well as the composition of proteins, lipids, and nucleic acids. The measured spectra were analyzed with partial least squares discriminant analysis, achieving a sensitivity of 93.3% and specificity of 90.1% and diagnostic accuracy of 91.1%. 198 In a follow-up publication, the authors also confirmed that observed Raman bands at 940 cm −1 for proline and valine and 1078 cm −1 for lipids decrease as a consequence of the thickening of the epithelium associated with cancerous progression, which obscures the collagen Raman emission from deeper tissue layers. 199 Furthermore, the group also tested the probe for in-vivo diagnostics of nasopharyngeal in 95 patients, acquiring 3731 spectra, 47% of them from normal tissue, and applying PCA-LDA together with leave-one-subject-out cross-validation (LOO-CV), obtaining a diagnostic accuracy of 93.1%. 48 
Brain
Surgical removal of the entire tumor tissue in brain, even meningiomas (benign tumor), is crucial for optimal treatment of the affected patient. 200 US, PET, CT, and MRI allow defining the border for tumor excision. 201, 202 However, despite the extended use, even intraoperative MRI, US, and PET have several drawbacks, such as the application of radioactive tracers, spatial resolution, scanning, and patient transport time. 203 A further complication occurs in the correlation between any imaging modality performed before a craniotomy and the true location of the brain after the craniotomy. A method that can provide biochemical information to differentiate tumor from nontumor tissue can provide supplemental information to current techniques. 204 The potential of Raman spectroscopy for intraoperative differentiation of brain tumor from normal brain tissue has been evaluated. [205] [206] [207] One recent study demonstrates the potential of Raman spectroscopy for intraoperative brain cancer detection. The handheld contact Raman probe (EMVision) (see Fig. 13 ) was tested on 17 patients by collecting 161 measurements per sample with an integration time of 0.2 s with a laser power between 37 and 64 mW. The researchers were able to distinguish normal brain from dense cancer with a sensitivity of 93% and specificity of 91%, enabling also the detection of brain cancer cells in patients with grade 2 to 4 gliomas. 64, 208 The work was partially consistent with previously published results. The samples with cancer cells in comparison with normal brain showed differences in the lipid bands at 700 and 1142 cm −1 ; the additional changes in the 1540 to 1645 cm
bands indicate the higher content of nucleic acid in cancer cells. 209 It has to be emphasized that it is crucial to properly correct the signal when strong background from autofluorescence or from ambient light is present. In addition to the significant shot noise level, a convolution of the broad polynomial background with the filter function can easily result in additional peaks and can even emulate to some degree Raman spectra, making the analysis very challenging and the results often misleading. Jermyn and coauthors also demonstrated the potential of boosted trees 109 and artificial neuronal networks (ANN) 210 to distinguish tissue with and without the presence of light artifacts, concluding that ANN achieves an accuracy of 90%, sensitivity of 91%, and specificity of 89% when measuring with light artifacts. In contrast, boosted trees have a lower accuracy. 109 A recent study characterized the SNR of a Raman probe system for intraoperative brain tissue on 10 patients. The authors proved that by increasing the integration time from 0.05 to 0.1 s and reducing the CCD camera temperature to −80°C, the SNR increases by 41% and 35%, respectively, in addition they showed that the system response is linear by relating laser power and integration time with relevant bands ratios. This study also demonstrated that necrosis can be distinguish from tumor and healthy brain tissue with an accuracy, sensitivity, and specificity above 84%; 63 the authors performed the test with an excitation laser operated between 40 and 60 mW at 0.05-s integration time. The probe was sterilized with a STERRAD system in a standard low temperature procedure that uses plasma gas.
Prostate and cervix
Prostate cancer is one of the leading causes of cancer mortality among men with 1.4 million reported cases and 293,000 deaths worldwide in 2013. 211 There is a comparable number for cervical cancer with an estimated 266,000 deaths worldwide in 2012. 212 Diagnostic techniques for early detection of cervical cancer, such as screening methods, e.g., pap smear, visual inspection with acetic acid (VIA), and excisional biopsy, have been investigated, but poor sensitivity and specificity have been reported. 213, 214 The potential of optical spectroscopic techniques has been extensively studied; for instance, in-vivo fluorescence and reflectance spectroscopy have demonstrated sufficient sensitivity at low cost. 215, 216 Nevertheless, studies using Raman spectroscopy demonstrated that in-vivo diagnostics of cervical cancer with higher accuracy is possible. 39, 217 An early in-vivo high-wavenumber Raman spectroscopy study on 46 women, using a handheld fiber optic Raman probe coupled with a ball lens, demonstrated that dysplasia tissue could be identified with a sensitivity of 93.5% and specificity of 97%. 37 Comparing Raman spectra of normal and dysplasia cervical tissue, distinct intensity differences were observed at CH 2 stretching bands of lipids (2850 and 2885 cm −1 ) and at CH 3 stretching bands of proteins (2940 cm −1 ), respectively.
37
The authors evaluated the intensity ratio of protein to lipid bands, resulting in ratios of 5.05 for dysplasia tissue and a lower ratio of 4.16 for normal tissue. The differences were linked to a decrease in content of membrane lipids, combined with an increase in short-chain fatty acids. Changes induced by dysplasia led to an increase in the nucleic hyperchromatism and density. 219 In one of the first studies, Duraipandian et al. 39 reported an in-vivo investigation on cervical precancer detection, using Raman spectroscopy, based on the measurement of 105 near-infrared Raman spectra from 57 sites in vivo of 29 patients, with 65 spectra from normal and 40 from cervical precancerous sites. The authors employed a genetic algorithm partial least squares discriminant analysis (GA-PLS-DA-dCV) to identify seven significant bands associated to lipids, proteins, and nucleic acids in tissue and were able to differentiate low and high-grade precancerous lesions with a diagnostic accuracy of 82.9%. To further increase the diagnostic accuracy, the authors also incorporated spectral variations linked to confounding factors, such as age, race, smoking habits, and menopausal status in cervical Raman spectra from previous studies to the GA-PLS-DA-dCV model. 220 The authors also investigated variations in the high wavenumber region aimed to improve the classification accuracy of cervical precancer. The acquired Raman spectra were stratified based on the menopausal status of the cervix of 15 patients, increasing the accuracy from 71% to 91%. 221 A follow-up study by Duraipandian et al. 217 explored the advantages of using both the low-and the highwavenumber regions for in-vivo detection of cervical precancer, acquiring 473 Raman spectra (349 normal) from 35 patients. The researchers observed intensity increases in the bands at 1001, 1095, and 1313 cm −1 of dysplastic cervical tissue in comparison with normal tissue. In a second follow-up study, the authors investigated composite NIR AF/Raman spectroscopy for cervical precancer diagnostics. Here, 1240 NIR AF/ Raman spectra were acquired in vivo from 115 normal sites of 84 nonpregnant female patients, between 18 and 70 years of age, undergoing a colposcopy revision linked to abnormal pap smears. The combination of near-infrared Raman spectroscopy with autofluorescence yielded a diagnostic accuracy of 84.1% for in-vivo discrimination of dysplastic cervix. Nevertheless, the autofluorescence intensity change associated with dysplastic progression was not significant, which indicated that confocalbased NIR AF spectroscopy alone is inefficient for precancer identification. 222 In a further investigation using NIR Raman spectroscopy, the author reported that Raman spectral biomarkers can be used for monitoring the multistage cervical precarcinogenesis at the molecular level. 223 A semiquantitative modeling based on the major biochemical macromolecules in cervical tissue, i.e., DNA, histone, collagen, triolein, and glycogen, contains the stepwise accumulation of biomolecular changes associated with progressive cervical precarcinogenesis.
The potential of Raman spectroscopy for prostate cancer was investigated by Crow et al., 224 who developed a diagnostic algorithm to differentiate between pathological groups, i.e., benign prostatic hyperplasia and adenocarcinoma-Gleason, with an accuracy of 89%. The authors found reduced glycogen content and increased nucleic acid content in malignant samples compared with benign pathologies. In a follow-up study, the authors also tested an NIR fiber optic Raman system to acquire 220 Raman spectra from 29 bladder samples in cystoscopic procedures and 197 Raman spectra from 38 prostate samples. 188 The developed algorithm differentiated benign prostatic hyperplasia and prostatitis from prostate cancer with 86% overall accuracy. Further studies using Raman spectroscopy reported accurate differentiation of benign and malign prostate tissue. 225 For instance, the differences in the band intensities at 782 cm −1 in the cancer samples compared with benign samples can be interpreted as an increase in the DNA content in cancer prostate tissue. 225 In-vivo investigations in prostate have not been reported, but the potential of Raman for in-vivo prostate cancer diagnostics has been demonstrated and should be expanded to the in-vivo diagnostics of prostate cancer.
Skin
As one of the most exposed organs of the human body, the skin has been studied and is routinely investigated by various optical modalities. Clinical routine investigations range from large screening dermoscopy and whole-body photography to the assessment of a few atypical and preselected regions that are investigated by pathologists. 70 The gold standard for risk evaluation of skin abnormalities and the diagnosis of skin cancer is based on biopsy extraction and subsequent histopathology, which is usually time consuming. The need for real-time and noninvasive examination of skin abnormalities arises from the growing number of skin cancer cases. Apart from supporting on-site evaluation, fast diagnosis can be beneficial as most skin cancers can be cured if recognized early enough. 226 Several spectroscopy methods, such as Raman, reflectance, and fluorescence spectroscopy, have been widely investigated. 227 Lui et al. 68 have demonstrated the feasibility of Raman spectroscopy in combination with multivariate data analysis to distinguish cancerous from benign lesions, showing promising results for skin cancer. The group used a Raman probe that consists of a 200-μm-core diameter single fiber to collect the generated Raman signal and one fiber to illuminate a 3.5-mm diameter skin area. The collected single-point spectra were recorded in 1 s and subjected to principal component with generalized discriminant analysis (PC-GDA) and PLS for statistical data evaluation. All together 453 patients were examined, with abnormalities including melanomas, basal cell carcinomas, squamous cell carcinomas, actinic keratoses, atypical nevi, melanocytic nevi, blue nevi, and seborrheic keratoses. The sensitivities to differentiate skin cancers and precancers from benign skin lesions, melanomas from nonmelanoma pigmented lesions, and melanomas from seborrheic keratoses ranged between 95% and 99%. The achieved specificities of about 15% were still higher than that of studies based on inspections by clinicians. 228 Another probe-based approach was suggested by the University of Texas (Austin) in collaboration with EmVision. 111 They employed a seven-around-one fiber optic Raman probe in combination with fluorescence and reflectance measurements. In a clinical study, the group investigated 137 lesions from 76 patients with cases of MM, nonmelanoma pigmented lesion (PL), BCC, actinic keratosis (AK), and SCC. 52 The sensitivity was 100% and specificity values ranged between 95% and 71%, depending on the differentiation between individual abnormalities. The best classification performance for nonmelanoma skin cancer was obtained using multiple modalities. The best melanoma classification was evaluated based on the Raman data alone. To support the data analysis, the group also analyzed the spectral contributions of individual skin components such as collagen, elastin, triolein, nuclei, keratin, ceramide, melanin, and water, by fitting spectra obtained in vitro using Raman microscopy. 229 A probe design using 785-nm excitation was used in a larger clinical study involving 104 patients being suspected of having MM (n ¼ 36), BCC (n ¼ 39), and SCC (n ¼ 29). 73 The probe design focuses the excitation beam to a spot size of 104 μm and 17 mW on a sapphire finishing lens surface, which results in an asymmetrical detection spot with dimensions in the range of 500 to 600 μm. The probe was designed for contact mode, and the backscattered light is guided by three 100-μm collecting fibers into the spectrometer. The incorporated lens potentially allows penetration depths of 100 μm or more, which can be crucial to reach the epidermal site of the basal membrane as a potential site of early cancer development. NMSC, MM, and pigmented nevi (PN) were discriminated with high accuracies of 73% for BCC, 85% for SCC, and 91% for the pigmented cases. There have also been approaches to combine Raman spectroscopy with OCT as it is probably the imaging modality that has the best potential to be used as a routine clinical screening technique. The first in-vivo experiments were reported in 2011 by the group of MahadevanJansen. 101 The described multimodal setup employs focusing optics for the Raman excitation with an estimated spot size of 44 μm at the sample with a depth penetration of ∼530 μm at an excitation power of 40 mW. The Raman spectra of normal skin and BCC were compared and showed significant differences mainly around 1090, 1340, and 1440 cm −1 .
Summary and Outlook
In-vivo Raman spectroscopy has a great potential to enable noninvasive clinical diagnostics for a variety of diseases because it provides label-free information about the biomolecular fingerprint of the sample and can be used to characterize and to differentiate different disease stages. In the recent years, there have been significant technological achievements and a considerable number of clinical applications readily performed. This review provides a comprehensive overview of the different technical aspects and clinical in-vivo applications. It describes instrumentational aspects, starting with the choice of the appropriate components, such as excitation source, detector, and spectrometer, but it also describes in detail the different fiber optical Raman probes, which have been shown in different experimental settings. Any successful in-vivo Raman measurement is tightly bound by the instrumentation parameters and has to be carefully assessed by the developer before measurements can be performed. Instrumentation parameters, such as the linewidth of the laser, the read noise level and dark current of the detector, and the spectral resolution of the spectrometer unit, are just a few that have to be carefully evaluated. Although the performance can usually be ensured by high-end scientific devices, it is also important to emphasize that cost can play a significant role in moving Raman spectroscopy to the clinical environment. It is, therefore, highly important to evaluate how parameters, such as spectral resolution, spatial sampling size, and spectral SNR, can be sacrificed while maintaining adequate label-free clinical diagnostics. The simplification of device structure will ultimately lead to reduction in cost and a wider availability of the method. In addition to the instruments, it is highly important to consider the designs, development, and performance of the specific fiber optic Raman probes. Here, new designs based on fiber technologies have to be addressed and tested to reduce the complexity of constructing Raman fiber probes. This will result in low-cost, single-use probes, which can further help to make Raman spectroscopy an invaluable diagnostics tool. The implementation of Raman-probes tailored to the working channels of commercially available endoscopes has already been shown by several groups. The combination with other spectroscopy and imaging modalities will further expand on the applicability of the method, and additional multimodal probe designs will appear in the near future. The clinical applications outlined in this review clearly demonstrate the great potential for in-vivo use of biomedical Raman spectroscopy. Ultimately, as efficiently summarized in Ref. 4 , the advantage of Raman spectroscopy over existing medical devices has to be demonstrated in large cohort studies based on patient outcomes and compared with accepted gold standard methodologies. Overall, in the last several years, there has been significant progress in moving Raman spectroscopy from a pure scientific research method to a mature tool, which bears significant promise to provide label-free in-vivo diagnostics.
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